A compact magnetic resonance imaging ͑MRI͒ system for a cold ͑−5°C͒ room has been developed to acquire MR images below the freezing point of water. The MRI system consists of a 1.0 T permanent magnet, a higher-order shim coil set, and a gradient coil probe, installed in the cold room, and a compact MRI console installed in a room at normal temperature ͑20-25°C͒. The most difficult problem for the installation of the MRI system in the cold room was the degradation of the field homogeneity of the permanent magnet shimmed at 25°C. To overcome this problem, higher-order shim coils were developed and the temperature variation of the magnetic field distribution was measured using a standard phantom with and without shim coil currents. As a result, it was confirmed that the homogeneity ͑the difference between the minimum and maximum values͒ of the magnetic field in the 17ϫ 17ϫ 19 mm 3 rectangular parallelepiped region was improved from 117 to 59 ppm using an appropriate combination of shim coil currents. A snowpack immersed in dodecane ͑C 12 H 26 ͒ was imaged using a driven-equilibrium three-dimensional ͑3D͒ spin-echo sequence at −5°C. The visualized 3D structure of the snowpack demonstrated the effectiveness of our approach.
I. INTRODUCTION
Magnetic resonance imaging ͑MRI͒ systems using permanent magnets have several advantages over those using superconducting magnets. The first is portability; this is because the permanent magnets do not need a cryostat or a power source. The second is openness, or accessibility to the sample; this is because the superconducting magnets of the normal design have a long cylindrical bore.
There are, of course, several drawbacks in using permanent magnets rather than superconducting magnets in MRI. The first is a limitation on the magnetic field strength. The highest magnetic field ever reported for permanent magnets for MRI is 2.0 T, 1 much lower than for superconducting magnets ͓17.6 T, 2,3 18.8 T ͑Ref. 4͔͒ for MRI. The second is the temperature drift of the magnetic field, an effect caused by the relatively large temperature coefficients of residual magnetic flux density of the permanent magnet materials. 5 The temperature drift, however, can be overcome by a combination of magnet temperature control and a NMR lock technique. 6 The portability of MRI systems using the permanent magnets can extend the possibility of MRI applications. In this work, we have developed a compact MRI system using a permanent magnet for a cold ͑−5°C͒ room to perform several useful MRI applications below the freezing point of water. To the best of our knowledge, this is the first MRI system constructed in the low temperature environment.
II. THE COMPACT MRI SYSTEM
The compact MRI system consisted of a permanent magnet, a higher-order shim coil set, a gradient coil probe, and a compact MRI console. The magnet, shim coil set, and gradient probe were installed in a cold room ͑4.8 m wide, 2.4 m high, and 2.5 m long͒ and the MRI console was installed in a room at normal temperature ͑20-25°C͒, next to the cold room. The temperature of the cold room can be kept at any temperature between Ϫ5 and 10°C. The control or signal lines for the shim coils, gradient coils, and rf coil were connected to the MRI console through a hole opened in the wall between the cold room and the operation room. Figure 1 shows an overview of the MRI detection system installed in the cold room.
The magnet ͑Hitachi Metals Co., Omachi, Saga, Japan, 481ϫ 352ϫ 352 mm 3 , 350 kg͒ had a yokeless design [7] [8] [9] [10] and consisted of NdFeB ͑Ref. 11͒ material blocks. The field strength was 1.0 T, the gap width was 60 mm, and the homogeneity was 15.3 ppm over 30 mm diameter spherical volume. The homogeneity of the magnet was carefully adjusted with a passive shim technique using pieces of permanent magnets in a temperature-regulated room ͑25°C͒ in the factory.
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The higher-order planar shim coils were designed according to Anderson's approach. 13 The spatial distributions of the magnetic field produced by the shim coils were proa͒ Author to whom correspondence should be addressed. The coils were wound on Bakelite plates using polyethylene-coated Cu wire ͑1.0 mm diameter͒ and fixed with epoxy resin. The shim coils were driven with constant current power sources.
The planar gradient coils were designed in the following way. The x and y coils were designed using the target field method 14 modified for the planar coil, 15 and the z-gradient coil was designed as a combination of circular current loops with diameters optimized using the genetic algorithm. 16 Figure 2 shows the wire pattern for the x-or y-, and z-gradient coils.
The gradient coil elements ͑x, y, and z͒ were wound on a fiber reinforced plastic square plate ͑0.5ϫ 140ϫ 140 mm 3 ͒ using a 0.5 mm diameter polyethylene-coated Cu wire. After the coil wires were fixed using epoxy resin, the x, y, and z coil elements were stacked together and fixed using epoxy resin. Two sets of the stacked elements were fixed parallel to each other on both sides of a rf shield box ͑38.6ϫ 140 ϫ 140 mm 3 ͒ made of a square aluminum frame ͑38 mm wide, 6.0 mm thick͒ and two 0.3 mm thick brass side plates. The Cu wires of the two coil elements were connected together and driven by gradient drivers ͑Ϯ10 A͒. The efficiency of the gradient coils were 30.3, 29.0, and 57.9 mT/ mA for the x-, y-, and z-gradient coils, respectively.
The RF coil was a 10-turn solenoid wound on an acrylic pipe ͑30 mm outer diameter, 26 mm inner diameter͒ using a polyethylene-coated Cu wire of 2.0 mm diameter and placed at the center of the rf shield box. The solenoid coil was tuned to the NMR resonance frequency ͑44.12 MHz͒ and matched to 50 ⍀ using three variable capacitors ͑NMAP40HV, Voltronics Corp., Denville, USA͒. The rf probe box was fixed in the gap space of the magnet, and the rf coil and the gradient coils were connected to the MRI console.
The MRI console consists of an industrial PC, a MRI transceiver ͑MRTechnology, Tsukuba, Japan͒, a transmitter ͑DS Technology, Asaka, Japan͒, and a three-channel gradient driver ͑Jyonan Electric Laboratory, Tsukuba, Japan͒. The details of the MRI console are described elsewhere.
17

III. EXPERIMENTS
The variation of the magnetic field distribution with temperature was measured using a standard phantom consisting of 3 mm thick circular ͑23.9 mm diameter͒ plastic disks with grid-shaped trenches ͑3 mm pitch, 1 mm depth͒ stacked in a cylindrical plastic container ͑24 mm inner diameter, 61 mm length͒ filled with baby oil ͑Johnson & Johnson, USA͒. The baby oil was used because it does not freeze even at −5°C. The structure of the phantom is shown in Fig. 3 .
MR images of the phantom were acquired with a threedimensional ͑3D͒ driven-equilibrium spin-echo sequence ͑repetition time= 200 ms, echo time= 8 ms, number of excitation= 4, image matrix= 256 3 , voxel size= ͑100 m͒ 3 ͒ at Ϫ5, 0, 5, and 10°C with positive and negative readout gradients applied along the axis of the cylindrical phantom ͑y direction͒. To examine the effects of temperature on homogeneity, images were acquired at 10, 5, and 0°C, without high-order shimming, and at −5°C, both without and with high-order shimming .   FIG. 4 . ͑a͒ A 2D cross section selected from a 3D image data set of the phantom. Voxel size: ͑100 m͒ 3 . ͑b͒ An equally spaced square grid superimposed on the cross section. A slight geometrical distortion is observed. FIG. 1 . ͑Color online͒ MRI detection system installed in the cold ͑−5°C͒ room. The system consists of a permanent magnet, a higher-order shim coil set, and a gradient probe. The shim coil set and gradient probe are connected to the MRI console installed in the adjacent operation room.
FIG. 2. ͑a͒
Current pattern for the x-or y-gradient coil. This pattern was calculated using the target field method. ͑b͒ Current pattern for the z-gradient coil. This pattern was calculated using the genetic algorithm. The higher-order shim coil currents were determined using phase dispersion in two-dimensional ͑2D͒ echo-time shifted spin-echo images of a homogeneous cylindrical phantom ͑26 mm inner diameter, 50 mm in length͒ filled with dodecane. The current of each channel was adjusted through a try and error process to minimize the phase dispersion range in the phase image. This procedure was repeated for all shim coil channels until a suboptimum current combination was obtained.
The Cartesian coordinates of the vertex points visualized in the 3D image data sets of the phantom were collected using a homebuilt graphical user interface program developed using Visual Cϩϩ 2005 ͑Microsoft, Seattle, USA͒ and running under the MICROSOFT WINDOWS XP operating system. The calculation of the coordinates was based on the edge detection technique utilizing image derivative. 18 The Larmor frequency shift from the central NMR frequency corresponding to the magnetic field inhomogeneity was calculated from the difference between the vertex point coordinates acquired with positive and negative readout gradients. 19 The magnetic field was calculated in the rectangular parallelepiped ͑17 ϫ 17ϫ 19 mm 3 ͒ region in the phantom. For a demonstration of this system, 3D images of a snowpack sampled at Kitamura in Hokkaido prefecture in Japan were acquired using the same 3D imaging sequence as that used for the phantom. The snow sample was cylindrically cut and stored in a cylindrical container ͑24 mm inner diameter, 100 mm length͒, and filled with dodecane ͑C 12 H 26 : melting point: −13°C͒ for MRI at −5°C. During image acquisition, the gradient coils were cooled using several cooling fans to prevent heating the snow sample. Figure 4 shows an axial cross section selected from a 3D image data set of the phantom. Because the in-plane coordinate axes were phase encoding directions ͑x and z directions͒, image distortion in this plane was caused by gradient field nonlinearity. Although quantification of the linearity of FIG. 5 . ͑Color online͒ Magnetic field distribution in the xz plane. The field strength is expressed as the difference from the central field in ppm. The xz plane is located 9.4 mm away from the center of the magnet along the y direction. ͑a͒ −5°C, shim current off. ͑b͒ 0°C, shim current off. ͑c͒ 5°C, shim current off. ͑d͒ 10°C, shim current off. ͑e͒ −5°C, shim current on. the gradients has not been performed, we think that this image demonstrates good linearity of the x-and z-gradient coils, as shown in Fig. 4͑b͒ . Figure 5 shows the magnetic field distribution in the xz plane, 9.4 mm away from the center of the magnet along the y direction. Figures 5͑a͒-5͑d͒ show the magnetic field distribution measured at Ϫ5, 0, 5, and 10°C without shim coil currents. These graphs clearly show that the magnetic field homogeneity increases with increasing temperature. Figure  5͑e͒ shows the magnetic field distribution at −5.0°C with shim coil currents, which were adjusted using phase images of echo-time shifted 2D spin-echo images. This figure clearly shows that the magnetic field homogeneity was dramatically improved by the shim coil. Figure 6 shows temperature variation of the maximum, minimum, root-mean-square ͑rms͒ values of the magnetic field strength measured in the rectangular parallelepiped region. This graph clearly shows that the inhomogeneity ͑the difference between the minimum and maximum values of the magnetic field͒ approaches zero at about 25°C, where the magnet shimming was performed in the factory. When the higher-order shim coil current was turned on at −5°C, the inhomogeneity was improved from 117 to 59 ppm. The 59 ppm value was about Ϯ3 pixel shift in the present pulse sequence. This result shows that geometric distortion caused by the magnetic field inhomogeneity is less than three pixels. Therefore, the geometric distortion caused by the pixel shift would be improved for geometrical quantification of the MR images. 20 Figure 7 shows 2D cross sections selected from a 3D image data set of the snowpack acquired at −5°C. These cross-sectional images clearly visualize the boundary between the compact and granular snow and their 3D structure. These images also demonstrate that there is little sample heating effect by the gradient coils during the 16 h measurement time.
IV. RESULTS AND DISCUSSION
Our group has performed 3D MR microscopic imaging of snow using a 4.7 T vertical bore superconducting magnet since 2000. 21, 22 This MRI system had several disadvantages for snow study mainly because the MRI system was installed at normal ͑20-25°C͒ room temperature. The compact MRI system developed in this study solved most problems of the superconducting MRI system we have used.
In conclusion, we have developed a compact MRI system for a cold room and demonstrated its usefulness by acquiring 3D MR microscopic images of a snowpack. Other applications, such as the visualization of living tissue, plants, and insects below freezing point will be expected. 
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